Optical Coherence Microscopy (OCM) combines coherence gating, high numerical aperture optics, and a fiber core pinhole to provide high axial and lateral resolution with relatively large depth of imaging. We present a handheld rigid OCM endoscope with a 6 mm diameter tip, 1 mm scan width, and 1 mm imaging depth. This probe will allow noninvasive imaging of fine structural detail in vivo.
INTRODUCTION
Optical Coherence Tomography (OCT) is a high resolution cross-sectional imaging technique that uses backscattered light from the index of refraction mismatches in tissue to create an image 1 . OCT is analogous to ultrasound, where the image is created using backscattered sound waves. Unlike ultrasound, a Michelson interferometer is needed to measure the backscattered light waves due to the faster speed of light and detector temporal integration times. This method of time-gating photons allows OCT to detect depth-resolved structural information in highly scattering tissue up to 2 mm in depth. Conventional OCT systems use a low NA objective in the sample arm to achieve a 2 mm depth of focus, which results in lateral resolutions from 10 to 40 µm. To achieve higher lateral resolution, a higher numerical aperture objective can be used along with dynamic focus tracking throughout the penetration depth 2 .
For a Gaussian source spectrum, the axial (longitudinal) resolution is proportional to the square of the center wavelength and inversely proportional to the source bandwidth. Superluminescent diode (SLD) sources produce axial resolutions ranging from 5 to 15 µm, while a femtosecond laser can produce submicron axial resolution 3, 4 .
In a time-domain OCT (TDOCT) system, the reference arm mirror is scanned at a constant velocity to collect information at varying depths in the sample within the depth of focus. An axial scan is obtained by demodulating the detected interference signal at the Doppler shifted frequency due to the reference arm mirror motion. In a typical Fourier domain OCT system, the reference arm mirror is stationary the detector is replaced by a spectrometer and detected using an array of detectors. The frequency of the measured signal oscillation in k space is proportional to the path length difference between the reference arm mirror and the reflecting plane of interest within the sample. Therefore, a Fourier transform of the spectral measurement will produce an axial scan profile similar to that obtained from TDOCT. The first TDOCT endoscope was developed in 1997 with an axial resolution of 10 µm and a lateral resolution of 40 µm 5 . This endoscope was side firing and produced axial images.
Most endoscopes that have been developed for OCT are side firing and produce cross sectional images which are not similar to the en face images produced with the forward firing OCM endoscope. The implementation of a forward firing endoscope is more technically challenging, and the forward imaging probes reported thus far are relatively large, ranging from 1.65 mm to 7.5 mm 6 . The first forward imaging endoscope was designed by Sergeev et al. in 1997, which used an electromechanical unit to move a fiber tip across the imaging plane of a stationary lens system. This system achieved a 2.2 mm diameter flexible OCT probe. Also in 1997, Boppart et al. presented two forward firing endoscope designs 7 . The first consisted of a 6.4 mm diameter lead zirconate titanate (PZT) cantilever-based forward firing endoscope. The second consisted of a fiber-GRIN lens assembly and a 19.5 cm rod lens to achieve a 2.68 mm diameter OCT endoscope for laparoscopic procedures with axial and lateral resolutions of 12 and 33 µm, respectively. More recently in 2004, a smaller diameter PZT actuator has been used to scan a fiber in front of a stationary GRIN lens, resulting in an endoscope with a 2.4 mm diameter, and axial and lateral resolutions of 25 and 16 µm, respectively 8 . Similar to our approach, the use of galvanometer scanning at the distal end of a rigid arthroscopic OCT probe has been reported with axial and lateral resolutions of 10 and 17 µm, respectively, over a 6 mm scan range 9 . Microelectromechanical systems (MEMS) have also been used to achieve 1D [10] [11] [12] and 2D scanning 13 in forward firing OCT probes.
Confocal microscopy is a higher resolution en-face imaging modality that is also used to detect and identify disease. The focal point in the sample is imaged back to a pinhole which aids in rejecting out of focus backscattered light. Even with the use of pinhole imaging, confocal microscopy is limited to a penetration depth of a few hundred microns in highly scattering samples such as tissue. Endoscopically, a lateral resolution of 1.2 µm and axial resolution of 3 µm with a 240 µm by 200 µm field of view has been obtained in a commercially available system
14 .
An Optical Coherence Microscope (OCM) is a combination of an OCT system and a confocal microscope. It has a coherence gate to increase the rejection of out of focus backscattered light and high numerical aperture optics coupled to a fiber pinhole to provide high lateral resolution. It is essentially a reflectance confocal microscope with the addition of a coherence gate, which allows a penetration depth up to about 600 µm, 2 times greater than that of confocal microscopy. Our goal is to create an OCM endoscope with 2.5 µm lateral resolution (Airy disk spot size) and 8 µm axial resolution (in air) to visualize tissue microstructure, which would allow us to see the earliest stages of epithelial cancer development. This endoscope would provide minimally invasive high resolution en face imaging, with the possibility of time-serial in vivo imaging. The endoscope can be, at the largest, 6 mm diameter at the tissue end and must be at least 30 mm long to minimize surgical trauma. It must also have a 1 mm field of view to visualize a large percentage of the target tissue. In our case, we would like to use this endoscope to image ovarian cancer in a mouse model.
MATERIALS AND METHODS
Our current table top OCM system ( Figure 1 ) contains a superluminescent diode source centered at 835 nm with an 80 nm full width half maximum (FWHM) bandwidth. This produces a theoretical axial resolution of 8.3 µm in air. The light intensity is split by a 50:50 single mode fiber coupler into a reference arm and a sample arm. In the sample arm, light from the fiber is collimated and reflected off two X and Y scanning galvanometer mounted mirrors that perform en face scanning. The galvanometers are controlled by the computer to synchronize scanning and data sampling. A 20X infinity-corrected water immersion microscope objective produces a 4 µm resolution with a 1 mm x 1 mm field of view. The endoscope described further in this paper will replace this part of the table top system.
In the reference arm, fiber polarization adjustment paddles (not shown) are used to match polarization states in the sample and reference arms and maximize fringe visibility. A BK7 glass prism pair matches dispersion of the sample arm objective, and a 1.0 neutral density (ND) filter reduces reflected reference arm power to an amount comparable to the total power reflected from the sample arm. The light is focused onto a small lightweight mirror glued on a piezoelectric stack. To achieve modulation, the piezoelectric stack is driven by a sinusoidal signal at its resonance frequency, 120 kHz. A peak to peak driving voltage signal of approximately 7 V corresponds to a displacement of 352 nm = 0.42λ 15, 16 . At
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A photodetector with integrated amplifier and high pass filter senses the signal from the sample and reference arms and eliminates the large direct current component. The interferometric signal is then demodulated and the signal components are acquired by a data acquisition board. After signal combination and logarithmic compression the computer displays the en face image.
The optical coherence microscopy endoscope design is shown in Figure 2 . It consists of a collimating lens, distal X-Y scanning galvanometer mirrors, scanning doublets, an afocal Hopkins relay, and a 0.4 NA objective. The 0.15 NA single mode fiber is collimated using a 12 mm focal length achromatic lens, producing a 3.6 mm diameter collimated beam. This is reflected off two miniature 4 mm X and Y scanning galvanometer mirrors. A pair of scanning doublets relay the stop between the mirrors to the afocal Hopkins relay stop. The afocal Hopkins relay 17 consists of two meniscus relay lenses and two rod lenses that contain the field lenses. The rod lenses are made with a high index glass to reduce the f/#. The stop is relayed from the afocal Hopkins relay to the 0.4 NA objective, and the light is focused onto the tissue. The system was modeled in Zemax, and the simulated system has an Airy disk diameter of 2.5 µm and the modulation transfer function (MTF) shows 300 lp/mm can be resolved at greater than 0.5 contrast (Figure 3 ). The tissue is imaged at the Petzval surface, which has a radius of curvature of 4 mm. This results in a full field sag of 31 µm, which would appear as a reduction in field of view only when imaging depths less than 31 µm. A tolerance analysis was performed, and the results showed that once the endoscope was assembled the 300 lp/mm contrast may reduce to 0.3 contrast.
Obj
To allow focusing at various depths in the tissue, the endoscope housing is designed in two pieces screwed together with a fine pitch threads near the location of the scanning doublets. The outer housing holds the distal window and water reservoir, and the inner housing holds the refractive optics ( Figure 2) . A small rotation of the outer housing moves the lenses proximal and distal relative to the window, causing the focal location in the tissue to change. This is illustrated in Figures 4a and 4b . Figure 4a shows the initial endoscope configuration with the focal location at a minimal depth in the tissue. As the outer housing is rotated upward, the focal location moves to a maximum depth of 1 mm in the tissue (Figure 4b ). Another complicating factor with most OCM systems is that the path length in the reference arm must be adjusted to account for a change in path length in the sample arm during focusing. The sample arm path length changes because light in the sample arm is travels through less air and more tissue as the focus is moved deeper. We avoid this problem in our endoscope design by filling the space between the final objective lens and the window with distilled water. Since the refractive index of tissue is close to water, and the focus will be adjusted by less than 1 mm, misalignment of the focus and coherence gate in tissue will be negligible. The housing will be designed to accommodate the displacement of water during focusing. This type of design also enables optical imaging at a single conjugate, or a single object and image location, which eases the optical design. The inner and outer endoscope housing was machined out of brass to insure a smooth interface without galling between male and female threads, and to avoid the additional anodization thickness that would have been added if the housing was machined out of aluminum. The 4 mm galvanometer mirrors are mounted and attached to the collimating lens mount and the endoscope housing through the use of 3 aluminum alignment surfaces. Therefore, when the endoscope is assembled it is self-aligned. Figures 5a and 5b show the proximal end of the endoscope compared to a penny and the complete assembled endoscope.
RESULTS
Initial measurements of the on-axis resolution were made using the edge spread function. The edge spread function was measured by scanning the on axis point over a mirror edge. A 90% to 10% width was measured to be approximately 2 µm. This data was fit to an error function. Taking the derivative of the error function fit produced the line spread function, which has a FWHM of 2.25 µm (Figure 6a ). The Fourier transform of the line spread function, or the MTF, has a 0.3 contrast at 200 lp/mm (Figure 6b ). These initial measurements are promising, but will need to be repeated consistently to obtain an accurate estimate of the on and off axis resolution. A preliminary 600 µm x 600 µm reflectance confocal image was taken of a sliced grape, showing parenchyma and fluid-filled vacuoles inside cells ( Figure 7 ). This image was background subtracted and contrast enhanced to mimic what we expect to see when acquiring an OCM image. 
CONCLUSION
OCM provides close to cellular resolution, and an endoscope would enable minimally invasive imaging of tissue microstructure. Preliminary testing of the device shows adequate on-axis resolution, and the preliminary image shows structural features. This endoscope will primarily be used for minimally invasive surgical imaging in small animals. It may also be convenient to use the handhold the endoscope and assess dysplasia and sun damage in skin. 
